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Although magnetic resonance (MA) has long been talked about as a noninvasive and apparently simple way to measure blood flow, practical realization of MR blood-flow measurement has not been fully accomplished.
The principal reason for this is that blood flow affects the intensity of MR images in many nonlinear ways that depend both on details of the particular imaging technique and on blood vessel and flow geometry.
Thus We will concentrate here on the MR effects of flow in major blood vessels.
Flow in the major blood vessels is neither constant in time nor constant across the lumen of the vessel [1 ] . The flow in the arteries is pulsatile, with most of the flow occurring during systole. Thus, the mean flow velocity is lower than the peak velocity (e.g., 20 cm/sec mean velocity vs. 120 cm/sec peak velocity in the dog aorta). With slow flow, the new spins were strongly magnetized and gave a strong signal, whereas with rapid flow, the upstream fluid was less completely magnetized due to less time spent in the magnet and gave a weaker signal. Hahn [5] found that motion resulted in decreased amplitude of spin-echo (SE) formation, due to inhomogeneity of the magnetic field. Carr and Purcell [6] further studied the dependence of SE amplitude on motion along a magnetic field gradient, due to acquired phase shifts; they showed that in echo trains, this only affects odd-numbered echoes. These two basic flow effects, namely washout of saturated spins and production of phase shifts by motion along a gradient, have been used to study flow in a variety of nonimaging MR techniques and have been applied to biologic systems, particularly by groups associated with Singer [7] [8] [9] [10] [11] and Battocletti [12] [13] [14] .
Jones and Child [151 and Singer [16] have reviewed many of these approaches; a few specific papers will be mentioned here. Hahn [17] proposed using a switched- partial saturation (loss of longitudinal magnetization), which will last for times on the order of the Ti relaxation time. Motion of these tagged spins can alter the resulting subsequent MR signal strength.
The replacement of saturated spins within the slice by spins from outside the slice in times less than or on the order of Ti will result in a change in the signal produced by a subsequent excitation pulse. If the spins being washed in from outside the slice are less saturated than the spins being washed out, the signal will increase, other factors being equal, as has long been known from nonimaging MR studies [4] . Although this increase in signal has sometimes been called "paradoxical enhancement," there is nothing paradoxical about it. Consider the mechanical washout of fluid from the slice being imaged. For a single velocity, v, at right angles to the plane of the slice and a square slice profile with thickness L, the fraction of spins remaining in the slice after a time t, R(t), is given by ( fig. 1 ):
Thus, the fraction of spins remaining in the slice decreases linearly until all the spins have been washed out, at a time L/v. For a range of velocities, as in Poisseuille flow, the decrease will be nonlinear ( fig. 2 ). For a esseI at another angle to the slice, only the component of the velocity perpendicular to the slice will appear in this equation.
For pulsatile flow, the amount of washout will depend on the mean velocity during the time t.
For this simple geometry, the signal resulting from a selective saturation pulse followed after a time, TD, by a selective excitation pulse will be given by the combination of the signal from the partially saturated spins remaining in the slice, weighted by R(TD), and the signal from the unsaturated spins being washed in from upstream, weighted by 1 -R(TD). The amount of signal from the "saturated" spins will depend on the amount of recovery of longitudinal magnetization, given by a factor of 1 -exp(-TD/Ti) ( fig. 3 ). The selective saturation pulse could be either a special pulse used to produce saturation [31, 33] by more saturated spins from outside the slice. For a finite-length AF coil, there will be an increase in signal if flow is rapid enough to replace spins in the slice with spins from outside the coil (but inside the magnet) during the sequence repetition time. For a pair of spin echoes, the second 1 80#{176} pulse will return the longitudinal magnetization to close to its initial state, with minimal net effect by the time of the next exciting pulse, for TEs that are short compared to the relaxation time Ti (fig. 6 ). Now the saturated spin washout effects of flow will be similar to those shown in figure 3D .
The motion of the excited spins between the time of excitation and the time of SE production may also affect the position of their image, depending on the orientation of the vessel relative to the slice. For flow perpendicular to the slice, the projection of the location of the packet of excited spins onto the slice will be the same at the time of echo production as at the time of excitation, and no displacement effects will be seen in the image. However, for vessels passing obliquely through the plane of the slice, the component of the velocity parallel to the plane of the slice will displace the projection of the location of the excited spins relative to their location at the time of excitation. of SE production, TE, will be given by v .cos(A). TE. The visual effect in the image will be a displacement of the image of the signal from the blood relative to the image of the lumen of vessel ( fig. 7) .
Motion of excited spins through magnetic field gradients, such as are produced for selective irradiation pulses or for position encoding for imaging, results in a phase shift of the spins and signals detected from them. For a magnetic field shift B = Gx due to a gradient, G, and a constant motion along the direction of the gradient dx/dt = v, the phase shift, , will accumulate at a rate given by d4/dt = "y \B = "yG(x0 + vt). The net phase shift will thus be given by f'yG(x0 + vt)dt.
The effect of magnetic field inhomogeneities can be approximated in this way by the effect of the equivalent local that is cancelled out in the second echo (and subsequent even-numbered echoes). The distribution of phase shifts, j(4), resulting from a particular distribution of velocities, f(v), can be calculated from the formulas above. The resulting reduction of amplitude will be determined by the vector sum of all these phases. For a small range of phases the effect is small, but for a larger range of phase shifts the reduction of amplitude can be significant. Note that in MRI, it is only the range of phases corresponding to the range of velocities in a given pixel that need be considered.
Thus, this effect of decreased signal due to phase cancellation may be more prominent away from the center of the image of a large blood vessel; in the center, the velocity gradient is small even though the velocity is maximum. fig. 8C . E, Net phase accumulated by moving spins. Note that phase is proportional to velocity after first refocusing pulse but zero after second pulse.
phase from within the lumina of blood vessels can result in the appearance of signal outside the vessel lumen in the image similar to the effects of respiratory or other patient motion. These effects can be studied by numerical simulations and empirical trials. 
Materials and Methods
Results
Representative
results of the phantom study of dependence of MR signal strength on flow velocity are shown in figure 1 1 . As has been previously reported by others, with a selective refocusing pulse there is an initial increase in signal strength with increasing velocity (the so-called "paradoxical enhancement"), followed by a steady decrease in signal strength with further increase in velocity beyond a rate sufficient to wash out the slice between excitation pulses. This corresponds to the expected effects shown in figure 4C . In contrast, with a nonselective refocusing pulse there is an initial decrease, not increase, in signal strength with increasing velocity, followed by a relatively constant signal intensity for increases in velocity beyond a rate sufficient to wash out the slice between excitation pulses. This corresponds to the expected effects shown in figure 5C . (For flows sufficiently rapid to wash out the region of the RF coil, the signal strength actually increased.)
Discussion
We have seen how the principal blood flow effects in MRI, increased or decreased signal strength and possible displacement of the image of the blood, can be explained in terms of three basic processes:
(1) washout of saturated spins from the slice being imaged with replacement by (possibly saturated) spins from upstream, In order to find total flow in a vessel, the local velocity must be integrated over the cross section of the vessel.
Turbulence, such as downstream from a stenosis, may result in unsteady flow. This will produce variation in intensity from one excitation to another than cannot be corrected with cardiac synchronization.
The possibility of recirculating-type vortical flow produced by a stenotic lesion could also increase the time spent in the slice relative to the instantaneous velocity, with a resulting apparent decrease in the measured velocity as determined by washout effects.
The phase of an excited spin that has moved out of the plane and back in (due to such vortical flow) may be different from that of adjacent stationary spins. The washout techniques described above will not be easily extended to the measurement of tissue perfusion, which will not generally produce any net directed velocity. Also, the washout time for tissue is long compared to the relaxation times of blood, so that the effects will be small, in any case, unless very thin sections are tagged. The phase shifts due to motion along gradients will similarly not be seen as a change 
